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Abstract 
The risk of injury is an unfortunate reality in sporting events of all types and all levels of competition. In many sports, 
ball properties are held to strict standards to maintain high levels of consistency and performance. Quantitative 
knowledge of how materials affect player safety is important in the development of ball performance standards. To 
increase our understanding of the relationship between the properties of sports balls and the potential for player 
injury, we constructed a finite element model of ball-to-head impacts. Our simulations combined leading finite 
element models of softballs and the Total Human Model for Safety (THUMS). Frontal and lateral impacts to the head 
were simulated using two different ball models, and for initial ball velocities ranging from 26.8 m/s to 53.6 m/s. 
While the ball models were approved for the same level of play, their stiffness differed by 30%, resulting in up to a 
63.7% difference in skull impact stress for the same impact conditions. The results show that injury severity is a 
strong function of ball material properties and can differ measurably with ball model, even with balls designed for the 
same level of play.  
© 2013 Published by Elsevier Ltd. Selection and peer-review under responsibility of RMIT University 
Keywords:Softball; injury; player safety 
1. Introduction 
Softball is a relatively safe sport, but serious injuries may occur during play [1]. Such injuries often 
occur when players contact other players, bases or the ball [2]. Ball-player impacts account for a 
substantial portion of injuries sustained during participation in softball. In collegiate fast-pitch play ball-
player contact was responsible for 23.5% of all injuries recorded from the 1992-1993 through the 2003-
2004 seasons, and being hit by a batted ball resulted in 11.2% of all  injuries. Several playing positions 
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were particularly susceptible to being hit in the head by batted balls, including the pitcher, base runner 
and third-base. Batted-ball-to-head impacts accounted for 2.6%, 8% and 9% of all injuries sustained at 
these positions, respectively [2]. Similarly, a retrospective study of slow-pitch play within the Air Force 
reported that ball-player contact was responsible for 20% of recorded injuries and approximately two 
thirds of these impacts were to the head [3].  
Regulatory organizations have instituted both bat and ball performance standards to maintain balance 
between defense and offense during play and to limit batted ball speeds, thereby also reducing risk to 
defensive players. Ball performance standards include size, weight, coefficient of restitution (COR), 
dynamic stiffness (DS) and quasi-static compressive stiffness. At present, however, the relationship 
between these bat and ball performance metrics and the resulting mechanical loads on a player in a ball-
player impact is unclear. Understanding how ball material properties affect player safety is important in 
the development of performance standards and protective equipment for play. 
Recently, sophisticated finite element models of sports ball impacts have been developed for various 
sports. Tanaka et al. simulated golf ball-club collisions using multiple layers and both hyperelastic and 
viscoelastic material models [4]. Likewise, robust finite element models have been developed to describe 
the dynamic performance of hockey and soccer balls [5-6]. Models of softball collisions are especially 
challenging due to the relatively low COR and associated large magnitude of energy dissipation observed 
during collisions occurring under play-like conditions [7].  
To understand the relationship between the properties of sports balls and the potential for player injury, 
we constructed a finite element model of ball-to-head impacts. These simulations consisted of a finite 
element softball model developed by our lab [8] and the Total Human Model for Safety developed by 
Toyota [9]. Using these models, we simulated both frontal and lateral impacts to the head over a range of 
initial ball velocities to obtain estimates of peak impact force (PF), time to reach PF and peak stress in the 
skull. We characterized the relationship between these outputs and ball velocity, and discuss the 
importance of ball properties on player safety. These relationships have implications for both bat and ball 
performance standards. 
2. Methods 
2.1. Ball modeling 
Two softball models, from different manufacturers and approved for the same level of adult slowpitch 
play, were tested according to ASTM F2845. The test standard measures ball stiffness, DS, and 
cylindrical coefficient of restitution, CCOR, at deformation rates and magnitudes representative of play. 
Ball A had a DS of 1055 N/mm and a CCOR of 0.375, while ball B had a DS of 1378 N/mm and a CCOR 
of 0.369. This example illustrates a challenge for federations and players, where balls intended for the 
same level of play differ in stiffness by 30%. 
The ball model was developed in the LS-DYNA finite element code (Version 971m LSTC, Livermore, 
CA), using the low density foam material model (Mat #57) to describe the polyurethane ball. The 
behavior of this material model is characterized by the compressive response loading curve and 
parameters which control the unloading behavior and viscous effects.  
The models were constructed from impact tests of foam samples as well as regulation softballs. The 
stress-strain relationship and the unloading parameters were scaled to obtain a best fit of experimental 
force-displacement data using the optimization package LS-OPT (Version 4.2 LSTC, Livermore, CA). 
The fit was performed over speeds of 26.8 m/s, 42.5 m/s and 53.6 m/s to ensure that rate effects were 
properly accounted for [8].  
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2.2. Head modeling 
The 50th percentile adult male Total Human Model for Safety (THUMS AM50), a finite element model 
developed by Toyota and implemented in LS-DYNA, was used to simulate head response to ball impact. 
The THUMS head model includes the scalp, facial and masseter muscles, component boney structures of 
the skull, intervening sutures, as well as the dura, falx, cerebrospinal fluid, and both white and grey matter 
within the brain. The THUMS skeletal structure consists of a combination of solid and shell elements 
which represent cancelleous and cortical bone, respectively [10].  
While validation of such a complex human model is difficult, biofidelity of the THUMS head and neck 
model response to frontal impacts was assessed by comparing simulation results to data from several 
cadaveric studies, including three head impact tests and two flexion and cervical axial compression tests 
[10]. The THUMS model has displayed good agreement with experimental data in most comparisons.  
2.3. Initial conditions and simulation outputs  
Both frontal and lateral ball impacts were simulated using the THUMS head model. For frontal 
impacts, the softball center of mass traveled on a path normal to the coronal plane and 0.059 m superior to 
the nasion (51% of the vertical distance to the vertex). For lateral impacts, the softball path was normal to 
the sagittal plane and passed through the anterior aspect of the temporal bone near the sphenoid bone 
(impact locations shown as white dots in Fig. 1). In each case the simulations were conducted with an 
initial ball velocity ranging from 26.8 m/s to 53.6 m/s, in 4.47 m/s increments. Neck muscles were not 
active in the model, and the simulation constituted an entirely passive response to impact.  
For all simulations, impact force of the ball-head collision and the resulting von Mises stress in the 
cranial bone elements were output as a function of time. From this data, PF, time to PF and maximum 
bone stress for each collision was determined.  
2.4. Bone strength and data analysis 
Simulated head response metrics were related to bone strength data available in the literature. For 
cranial cortical bone under quasi-static loading conditions mean ultimate stresses of 73.8 to 96.5 MPa 
have been observed [11]. Bone, however, is a viscoelastic material and when loaded dynamically (2.5 
m/s) strengths of 123.12, 133.61 and 126.91 MPa have been observed for samples from the right and left 
 
Fig. 1. Sagittal (left) and frontal (right) views of the THUMS model, with the scalp and muscle tissues superior to the cranium 
hidden for visual clarity. The center of impact for both impact locations is indicated by white dots. 
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parietal bones and frontal bone, respectively [12]. In the following, a bone strength of 125 MPa was used. 
The ball models were compared to experimental data by their difference in PF and CCOR. PF, time to 
PF and maximum bone stress from head impact simulations were each regressed against initial ball 
velocity to quantify the sensitivity of the THUMS head response to ball speed. The sensitivity of the head 
response to softball DS was assessed by comparing the slope of these regressions for each ball model and 
the difference in impact stress between ball models was determined.  
3. Results 
3.1. Softball model accuracies 
The finite element models of both balls demonstrated excellent agreement with experimental force-
displacement data (Fig. 2). With respect to CCOR, agreement for ball A was also excellent (within 4% on 
average), and modest for ball B (differences of 14% to 22% over all test speeds). Both models should 
provide similar representations of player impact simulation, however, which is governed by impact force.  
3.2. Peak impact force  
Strong and significant (R2 > 0.99, P < 0.001) linear correlations were found between PF and ball 
velocity for all impact simulations. The impact forces from the stiffer ball B were observed to be more 
sensitive to speed than ball A (9.1% and 13.8% for frontal and lateral impacts, respectively). 
Additionally, the PF was between 11.5% and 23.5% larger in magnitude for the stiffer ball B across all 
impact locations and speeds. For each ball model, PF in frontal impacts were larger than PF in lateral 
impacts across all speeds. 
Significant inverse correlations were observed between the time to PF (R2 > 0.62, P < 0.05) and initial 
ball velocity. At an initial ball velocity of 42.5 m/s, the time to PF in frontal impacts for the A and the B 
ball types were 0.649ms and 0.607ms, respectively; and for lateral impacts were 0.536ms and 0.456ms, 
respectively. The mean difference in time to PF between ball types across all ball velocities was 7.9% and 
10.6% for frontal and lateral impacts, respectively. Time to PF was larger for ball A in all simulations. 
 
Fig. 2. Comparison of force-displacement data from experimental observations (dashed) and simulation of ball tests (solid) for 
ball A (blue) and ball B (red). The data depicted are from impacts onto a cylindrical impact surface at 42.5 m/s (95 mph). 
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3.3. Bone stress 
For both frontal and lateral impacts, and across all ball speeds, the maximal stress magnitude was 
lower for ball A than for ball B (Figs. 3-4). Maximal stress was observed in the inner table of the frontal 
bone for frontal impacts, and in the outer table of the temporal bone at the medial base of the zygomatic 
process for lateral impacts. For frontal impacts, bone stress was 18.1% to 63.7% larger for ball B across 
all impact velocities. For lateral impacts, differences of 4.7% to 9.7% were observed. For most impact 
conditions, bone stress exceeded the assumed bone strength of 125 MPa. The simulations were intended 
to maximize impact force for ball comparison. These events, however, are rare and represent a worst case 
scenario (i.e. most ball-head impacts are oblique, at lower speeds, and do not result in skull fracture). 
While the PF, time to PF and maximal bone stress were all different at both impact locations for the 
two ball types, these differences were larger for frontal impacts. This is due to the lower head stiffness 
under lateral loading, compared to frontal loading [13]. This result highlights the importance of whole-
head stiffness in ball-player collisions. Additionally, maximal stresses were larger and PF lower for 
lateral impact than frontal impacts at all speeds. This result is in line with prior findings of lower force at 
fracture for lateral impacts than frontal impacts in cadaveric studies [14].   
 
Fig. 4. Anterior view of the von Mises stress in the THUMS head model 0.57 ms after frontal ball-head contact for the ball A 
(left) and the ball B (right). Initial ball velocity in each case was 44.7 m/s (100 mph), and the contour plots scale is 0 to 235 
MPa. The center of ball-to-head impact is indicated by a white circle. 
 
Fig. 3. Maximum von Mises stress in bone elements plotted against initial ball velocity, for ball A (diamond) and ball B (square) 
involving lateral (left) and frontal (right) impacts. The assumed 125 MPa dynamic bone strength is indicated by the horizontal 
dashed line.  
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4. Summary 
This investigation compared the PF, time to PF and stress in cranial bones from softball impacts of 
differing stiffness and speed. All model outputs were sensitive to ball velocity, and the stiffer ball 
produced larger PF, shorter loading time and larger stresses. More importantly, these simulations suggest 
that an increase of ball DS by 30% may lead to a 23.5% increase of peak contact force or 63.7% increase 
in maximum bone stress, for some impact conditions.  
This work suggests that ball properties can have a large effect on player safety on the field. Reduction 
of ball performance may decrease risk of injury on the field, but may also degrade the integrity of the 
game if made too strict. Future investigations will need to address the relationship between CCOR and 
DS to more fully evaluate the potential of this approach.  
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